Reaction -diffusion computational models of cardiac electrophysiology require both dynamic excitation models that reconstruct the action potentials of myocytes as well as datasets of cardiac geometry and architecture that provide the electrical diffusion tensor D, which determines how excitation spreads through the tissue. We illustrate an experimental pipeline we have developed in our laboratories for constructing and validating such datasets. The tensor D changes with location in the myocardium, and is determined by tissue architecture. Diffusion tensor magnetic resonance imaging (DT-MRI) provides three eigenvectors e i and eigenvalues l i at each voxel throughout the tissue that can be used to reconstruct this architecture. The primary eigenvector e 1 is a histologically validated measure of myocyte orientation (responsible for anisotropic propagation). The secondary and tertiary eigenvectors (e 2 and e 3 ) specify the directions of any orthotropic structure if l 2 is significantly greater than l 3 -this orthotropy has been identified with sheets or cleavage planes. For simulations, the components of D are scaled in the fibre and cross-fibre directions for anisotropic simulations (or fibre, sheet and sheet normal directions for orthotropic tissues) so that simulated conduction velocities match values from optical imaging or plunge electrode experiments. The simulated pattern of propagation of action potentials in the models is partially validated by optical recordings of spatio-temporal activity on the surfaces of hearts. We also describe several techniques that enhance components of the pipeline, or that allow the pipeline to be applied to different areas of research: Q ball imaging provides evidence for multi-modal orientation distributions within a fraction of voxels, infarcts can be identified by changes in the anisotropic structure-irregularity in myocyte orientation and a decrease in fractional anisotropy, clinical imaging provides human ventricular geometry and can identify ischaemic and infarcted regions, and simulations in human geometries examine the roles of anisotropic and orthotropic architecture in the initiation of arrhythmias.
INTRODUCTION
The regular rhythmic pumping of the heart, driven by contractions triggered by propagating waves of excitation, sustains the circulation throughout our lives. Loss of this rhythm, as in cardiac arrhythmias, can be catastrophic. Atrial arrhythmias are associated with morbidity, increasing the likelihood of stroke, while ventricular arrhythmias are associated with sudden cardiac death [1] . Ventricular fibrillation (VF) is the most common cause of mortality from cardiovascular disease in the industrialized world, and almost invariably occurs during the process of dying. VF in the ventricles results in loss of their normal synchronized rhythmic beating. Experimental and computational evidence supports the idea that VF is produced by rapid, selfsustained and spatio-temporally irregular excitation of the ventricles by re-entrant waves, in which waves of excitation propagate through, away from, and back into the same piece of tissue [2] . Re-entrant waves have been idealized in homogeneous isotropic excitable media by two-dimensional spiral and three-dimensional scroll waves [3] that break down into the spatiotemporal irregularity of clinical and experimental VF [4] .
Clinical studies of the mechanisms of VF are limited, as the urgent necessity for treatment precludes more detailed investigations, and so are mostly observations and quantification of the electrical activity of the heart recorded on the body surface as a single or multi-channel electrocardiogram, or by mapping electrophysiological activity during laboratory investigations [5] [6] [7] . Experimental studies are generally restricted to mapping electrical activity on the ventricular surfaces [4, 8] , or to multiple plunge electrodes within the heart [9 -11] . Major advances have been achieved through the simultaneous mapping in vitro of endocardial and epicardial activity in slabs of ventricular tissue [12] , mid-myocardial measurements from exposed transmural surfaces [13] , or using transillumination [14, 15] , optrodes [16] or dual excitation wavelength epi-fluoresence [17] , and the panoramic mapping of activity over the surface of the entire heart [18, 19] . These optical methods, developed on experimental preparations using various species, have recently been applied to the ex vivo human heart [20, 21] . More recently, novel optical methods have been proposed that allow the recording of propagating activity within the ventricular wall and that achieve depth-resolved optical imaging using tomographical approaches [22] [23] [24] [25] . Theory, experiments and clinical studies all lead to an explanation of ventricular excitation and arrhythmias in terms of the hidden spatio-temporal patterns of propagation within the ventricular wall.
Virtual cardiac tissues have proved to be an effective tool for reconstructing and dissecting cardiac propagation patterns, and for proposing hypotheses that can be tested experimentally (e.g. the reviews by Benson et al. [26] , Clayton et al. [27] , Holden et al. [28] and Vigmond et al. [29] ). Cardiac tissue is composed of muscle cells (myocytes), other supporting cells (fibroblasts), connective tissue and its blood and nerve supply. The myocytes (and perhaps also the fibroblasts) are coupled via low-resistance pathways, and so electrical activity spreads through the tissue. Propagation, at the cell-to-cell level via current flow through gap junctions, is inherently discontinuous [30, 31] . However, at the millimetre scale, propagation recorded electrophysiologically or via voltage-sensitive dyes appears continuous and can be modelled by a continuous, monodomain excitable medium. This continuum behaviour, produced by tight coupling of discrete cells into a functional syncytium, can be represented by a reaction-diffusion equation, @V @t ¼ rðDrV Þ À I ion ; ð1:1Þ
where V is the membrane potential (mV), t is the time (ms), r is a spatial gradient operator, D is the electrical diffusion coefficient tensor (mm 2 ms
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) that characterizes the electrotonic spread of voltage and I ion is the total membrane ionic current density (mA/mF). The heterogeneity of the heart-spatial differences in cell electrophysiology and protein expression-can be mapped and incorporated in equation (1.1) as spatially varying parameters. The electrical diffusion tensor D is defined within the geometry of the heart and changes with location in the ventricles: it is determined by the tissue architecture, principally the average myocyte orientation at any given location.
The main purpose of this review article is to illustrate an experimental 'pipeline' for small mammalian hearts we have developed in our laboratories, from ventricular cell electrophysiology, optical mapping of spatiotemporal cardiac tissue electrophysiology, magnetic resonance imaging (MRI) of cardiac geometry, diffusion tensor MRI (DT-MRI) of cardiac anisotropy and orthotropy and computational simulation of electrophysiological and opto-electrophysiological activity in the same heart. This is placed in the context of related work in other laboratories, to our developments in optical and high angular resolution MRI and to applications related to clinical imaging.
CONSTRUCTING VENTRICULAR TISSUE MODELS
In this section, we detail the experimental and computational 'pipeline' we use to construct and partially validate models for D for ventricular tissue, using a rat heart as an example. We first describe the anatomy of ventricular tissue, then show examples of cardiac architecture measured using DT-MRI. We show how we can use optical monitoring of the surface electrical activity on these hearts to obtain data showing details of electrical wave propagation, before describing how we use these DT-MRI and optical mapping data to construct and partially validate the ventricular tissue models. Note that all components of the pipeline can be carried out on a single heart, starting with optical mapping, followed by MRI and DT-MRI, then histology, before construction of the computational model. Thus, the data obtained from the experimental studies are very specific for the computational model, and can therefore allow a very direct validation.
Cardiac anatomy, magnetic resonance imaging and histology
There is still controversy about the organization of myocytes within the myocardium, in sheets, and about the large-scale organization of the ventricular wall, into bands [32] . Ventricular muscle cells (myocytes) are elongated cells, from 50 to150 mm in length and 10 to 20 mm in diameter, and have more end-to-end than transverse connections with neighbouring cells via intercalated discs [33, 34] . Being long extended cells, myocytes posses a principal orientation given by the long axis of the cell, and the orientation in three dimensions can be specified by a pair of angles (figure 1). The local average orientation is given by two 'fibre' angles-the fibre helix angle and the fibre transverse angle-with respect to a cylindrical coordinate system (around the centroid of the left ventricle). The helix angle is the angle between the transverse plane and the projection of principal orientation onto the circumferential-longitudinal plane, while the transverse angle is the angle between the circumferential-longitudinal plane and the projection of the principal orientation onto the transverse plane. Although intercellular action potential propagation is a discrete process, propagating activity in cardiac tissue (monitored optically or via electrodes) appears to be smooth at larger scales, and can be characterized by a propagation velocity. The propagation velocity is faster along the orientation of the cells. Propagation velocities for ventricular tissue are approximately 20-70 cm s 21 [9] , and so the wavefront (from resting potential to the peak of the action potential, in approx. 2 ms) is approximately 1 mm, requiring spatial discretization of approximately 0.2 mm-larger than the cell size but the same order of magnitude. The cardiac geometry within which equation (1.1) is solved requires the same resolution and assumes that the cardiac structure is smooth, so the effects of tissue granularity (cellular boundaries, connective tissue and blood vessels) are averaged out.
Three-dimensional tissue architecture can be reconstructed from digitized histological sections, but sectioning, fixing and staining can introduce distortions, fractures and changes in volume. MRI provides a non-destructive means of obtaining the three-dimensional architecture of soft tissue, at a resolution of approximately 1 -5 mm isotropic for 1.5 -3 T clinical systems and approximately 0.025 -0.5 mm isotropic for 9 -11 T systems, and the imaging protocol can be modified to enhance contrast between specific tissue types. Figure 2a shows a 30 mm magnetic resonance image of a short-axis section through a rat heart: individual cells are not discernible at this resolution, but cleavage planes are clearly visible. LeGrice et al. [35] proposed an organization of the fibres into a laminar structure with cleavage planes that ran radially from the endocardium to the epicardium and, when viewed in a long-axis transmural plane, could be seen to shift from a base -apex direction near the apex through to an apex -base direction in basal regions. Three-dimensional histology has demonstrated that rat myocytes are grouped in layers three or four cells thick (referred to as sheets) separated by cleavage planes [36] . Figure 2b -d shows successive magnifications of a histological section, with branching sheets about 100 mm thick and the nuclei of the myocytes, oriented along the myocyte orientation, clearly visible. From figure 2c,d it seems self-evident that propagation will be anisotropic, and faster along the local myocyte orientation; it does not seem self-evident that propagation will be reasonably smooth. However, the width of the sharp wavefront of the action potential is approximately 1 mm and so encompasses all the tissue seen in figure 2c,d. In figure 2 , the fine-scale tissue structure, the penetration of the myocardium by its vascular supply, as well as its sheet-like structure are clearly evident. The sheet organization influences the direction of propagation [10] , and the fine-scale vascular structure provides obstacles that can anchor re-entrant waves, prolonging re-entrant arrhythmias [37] . Bishop et al. [38] have used MRI to construct a 1024 Â 1024 Â 2048 dataset of 25 mm voxels for the geometry of a rabbit heart, which was downsampled and segmented. Myocyte orientation was introduced into this geometry by a rule-based approach based on a mathematical model for the canine data of Streeter et al. [39] , and normal and arrhythmic excitation patterns were compared in the high-resolution and simplified smoothed geometries. Although both exhibited qualitatively the same behaviours, the detailed geometry altered the evolution and the lifespan of re-entrant arrhythmias, and therefore detailed, individual cardiac geometries are necessary for the quantitative prediction of arrhythmias in hearts with normal and pathological electrophysiology.
Diffusion tensor magnetic resonance imaging
DT-MRI has been applied extensively to study the myocardial structure in ex vivo fixed or viable tissues. MRI measurements of the diffusion profile of protons (Brownian motion of water) in tissue are fitted by an ellipsoid [40] with three orthogonal axes. The primary axis (the orientation of the largest eigenvector) has been validated as an unbiased estimate of the local (averaged within the voxel) myocyte orientation [41, 42] . The orientation of the tertiary (smallest eigenvector) axis has been proposed as a measure of the orientation of the sheet normal, but the existence of sheets is contested [43] and this is less well validated against histology [42] . From figure 2, it is clear that a (25 mm The helical organization of ventricular cell orientation over the surface of the ventricles, and the smooth transmural change in helix angle, rotating through approximately 1608 (the range depending on the phase of contraction, location and species) has been found in all normal foetal and adult mammalian hearts that have been examined, and is a necessary consequence of topology and continuity of fibre orientation in an idealized contracting ventricle [44] . Deviations from this organization may be used to localize pathology.
Fractional anisotropy (FA) is a measure of the anisotropy of diffusion at a particular voxel within the tissue (i.e. whether the primary eigenvector or local average cell orientation is well determined) and can be calculated at each voxel throughout a tissue using
ð2:1Þ where l 1 , l 2 and l 3 are the primary, secondary and tertiary eigenvalues of the diffusion tensor, respectively [45, 46] . A value of FA ¼ 0 indicates isotropy of diffusion (i.e. the magnitude of diffusion is the same in all directions, and so
, while a value of FA ¼ 1 indicates cylindrically symmetrical anisotropy, where
The mean FA estimated from DT-MRI datasets of the entire ventricles ranges from 0.25 for the dog [47] to 0.35 for the goat [48] , and the mean FA for the human ventricular tissue wedge shown in §3.3 is 0.29. The FA can also provide a measure of pathology, as a decrease in FA is a loss of the local anisotropic architecture, and the anisotropic architecture underlies the spatial pattern of excitation and propagation. Figure 3 illustrates the architecture of a rat heart obtained from a diffusion-weighted spin-echo protocol on a Bruker (Ettlingen, Germany) 9.4 T spectroscope, in terms of the myocyte 'fibre' orientation as the helix angle (figure 1c), and the orientation of sheets or the cleavage planes between them (figure 1d ). The heart was retrogradely perfusion fixed with 4 per cent formaldehyde, after inducing myocardial relaxation by perfusing with Tyrode solution containing 0 mM calcium and 10 mM 2,3-butanedione monoxime (BDM). The ventricles were not filled as we have demonstrated elsewhere that this can result in overfilling artefacts [49] . This results in a heart fixed in a geometry similar to end-diastole. The smooth transmural change of the helix angle is clearest in the left ventricular wall and septum, and there is a similar, but more irregular in long-axis sections, change through the right ventricular wall. The 'sheet' structure is more complex and irregular (see [32] for a review). The FA throughout the ventricular walls, septum and papillary muscle is generally between 0.1 and 0.2, with lower values at the boundaries.
Optical mapping
The application of voltage-sensitive dyes allows the visualization of spatio-temporal electrical activity in isolated perfused cardiac tissue and hearts, in which contraction is usually blocked by an excitationcontraction decoupler (see Efimov et al. [50] for a review). This results in a stationary heart with a geometry similar to end-diastole. Optical imaging using such dyes has allowed the quantitative study of the organization and the development of cardiac arrhythmias in isolated hearts [4, 8] . Voltage-sensitive dyes can be introduced through coronary flow in perfused tissue preparations or by superfusion in smaller tissue samples. They bind to cardiac cell membranes and respond to changes in membrane potential by changes in their excitation and emission spectra. Spatio-temporal data acquisition of fluorescence is usually achieved by photodiode arrays or chargecoupled device (CCD) cameras. Contemporary CCD cameras readily allow high sampling rates (2 kHz and more) combined with superior spatial resolution. In conventional epi-fluorescence imaging of a perfused heart, both the light source for excitation of the dye and the detector are aimed at the epicardial surface. Figure 4a depicts schematically a typical epi-fluorescence set-up on Langendorff perfused hearts. Although fluorescence is obtained from the epicardial surface, significant contributions to the fluorescent signal originate from deeper myocardial layers owing to the optical scattering and absorptive properties of tissue with respect to visible light [51 -55] . The epi-fluorescence signal is therefore blurred compared with the epicardial electrical activity, which is exemplified by the slower rate of rise of the optical action potential upstroke. For the commonly used voltage sensitive dye Di-4-ANEPPS, with excitation in the blue-green range of the spectrum and aquisition in the orangered range, the surface optical signals contain components from up to 1 mm below the epicardium [56, 57] . Figure 4b shows the computed subsurface contributions to the optical signal at a single surface pixel, using a hybrid modelling approach that couples the electrophysiological model described by equation (1.1) with an optical Monte Carlo model for photon propagation in tissue. Signals from 1 mm deep contribute to the optical signal; longer wavelength light (near infrared) is less prone to scattering and absorption, and so novel near-infrared voltage-sensitive dyes [58 -60] with longer excitation wavelengths allow for imaging deeper layers in cardiac tissue [17] . These intramural components to the epi-fluorescence signal can be exploited to provide information about propagation direction within the heart wall [54, 61] . The shape of the optically recorded action potential upstroke depends on the orientation of the wavefront: the optical upstroke is fastest near the top of the action potential for waves propagating towards the imaged surface, whereas the faster portion of the upstroke is located near the foot of the action potential when the wave propagates away from the imaged surface. Since myocardial architecture plays a major role in determining the direction of wave propagation, this technique can be used to indirectly relate intramural activation patterns to structure [17, 54, 62] . Figure 5 shows epi-fluorescence optical mapping data obtained from a rat heart that was subsequently imaged using DT-MRI (figure 3). The heart was stimulated on the left ventricular mid-free wall using an epicardial bipolar electrode. Figure 5a shows the activation map on which the anisotropic spread of activation can clearly be seen. Figure 5b shows the corresponding action potential duration (APD) map, where significant modulation of APD by the activation sequence can be observed as described previously [17, 63] . Figure 5c depicts a so-called V F Ã-map, where V F Ã is the fractional level at which the optical upstroke reaches a maximal derivative. As shown in previous studies [54, 57, 61] , V F Ã can be used to infer the average subsurface wavefront orientation shown in figure 5d . The subsurface angle is positive for waves propagating away from the epircardial surface and negative for waves propagating towards the epicardium. This pattern of intramural wave propagation following epicardial stimulation is consistent with the transmural rotational anisotropy presented in figure 3 [64, 65] . Figure 5e shows the relationship between V F Ã and the subsurface wavefront orientation which was used to generate figure 5d, and which was calculated using detailed photon migration models [57] . These experiments provide data that can be used to quantitatively validate the computational model for propagation in a heart with the same anisotropic and orthotropic geometry, reconstructed from DT-MRI. The pattern of irregular arrhythmic activity in the same heart can only be semiqualitatively validated, in terms of dominant frequencies and measures of irregularity [66] .
Models of ventricular geometry and simulations
The histologically validated data obtained from DT-MRI describing cardiac structure, along with the data from optical mapping studies describing propagation in these hearts, can now be used to construct the partially validated geometric models of the ventricles. Using the eigenvectors and eigenvalues obtained from DT-MRI, the electrical diffusion tensor (D in equation (1.1)) at a particular point in space is given by
where D 1 is the electrical diffusion along the fibre axis, D 2 is the electrical diffusion in the sheet plane perpendicular to the fibre axis, D 3 is the electrical diffusion normal to the sheet plane, the vectors e i are the eigenvectors from DT-MRI, and the superscript T denotes the vector transpose. If the secondary and tertiary DT-MRI eigenvalues are similar then the tissue has an anisotropic or axially isotropic structure (i.e. there is a fibre orientation but no evidence of a laminar, or sheet, structure), but if all three eigenvalues are distinct then the tissue has an orthotropic structure where the fibres are arranged into a laminar, or sheet, architecture. For simulations, the values D i will be dependent on the choice of the model used to give I ion in equation (1.1), and are scaled in the fibre and cross-fibre directions for anisotropic simulations (or fibre, sheet and sheet normal directions for orthotropic tissues) so that simulated conduction velocities match experimentally estimated values (e.g. from optical imaging experiments). Because of the paucity of experimental studies examining orthotropic propagation, most previous computational studies have used an axially isotropic architecture. Figure 6 shows activation time and APD surface maps, computed within a rat anisotropic geometry (fibre structure only, no sheet structure) obtained using DT-MRI, and with excitation (i.e. I ion in equation (1.1)) given by the rat ventricular model of Pandit et al. [67] , for epicardial excitation at a point analogous to that for figure 5. Space steps were 0.2 mm isotropic as defined by the DT-MRI dataset, and equation (1.1) was solved with a forward-time centred-space method using an operator splitting technique and an adaptive time step (see [26, 68] for details). The qualitative similarity between the experimental and computed maps-compare figures 5a,b and 6b,c-provides a partial validation for our computational models where geometry and architecture are constructed using data obtained from DT-MRI. Such whole-ventricle models can therefore be used to quantitatively evaluate arrhythmic mechanisms, in the presence of a realistic anisotropic cardiac architecture and the corresponding effects that this anisotropy has on electrical wave propagation (e.g. [26,38,68 -71] ).
As the laminar architecture of the heart is studied in more detail, the influence of sheet structure on cardiac electrical wave propagation has begun to be examined experimentally. Caldwell et al. [9] have recently used high-density electrical mapping to show that propagation in the pig ventricular wall is orthotropic, with maximum conduction velocities of approximately 70 cm s 21 aligned to the myocyte axis, 30 cm s 21 parallel to the myocyte layers and 20 cm s 21 normal to the layers. As these experimental results emerge, it becomes possible to incorporate the data into computational models such as those described here, and to use the models to study the influences of sheet structure on propagation; in particular, how orthotropic ventricular structure affects degeneration of normal sinus rhythm into an arrhythmic state-first into ventricular tachycardia then into fibrillation (see §3.3).
FUTURE OUTLOOK
In this section, we describe several techniques we are currently using in our laboratories to enhance components of the pipeline described above, or to allow the pipeline to be applied to different areas of research. We describe: Q ball imaging (QBI), segmentation of infarcted tissue within the ventricular geometry, the construction and use of human ventricular models and translation of our research into a clinical setting.
Going beyond diffusion tensor magnetic resonance imaging: Q ball imaging of fibres
Within a (100 mm 3 ) voxel there can be approximately 100 myocytes, with differing orientations, but these orientations will all be similar if the helix angle is changing smoothly with distance. In figure 2a close apposition between tissue with in-plane (extended) and normal to plane (circular) 'bundles' clearly occurs, and so, at these boundary zones, a voxel can contain myocytes with orientations that differ by approximately 908. Because DT-MRI approximates the anisotropy content of a voxel by an ellipsoid shape, it is unable to resolve heterogeneity within a voxel, even though the sample is probed at length scales typical for the diffusion processes (micrometre). Moreover, the voxel size for DT-MRI cannot be decreased below approximately 100 mm on present-day clinical systems, as the signal strength drops according to the voxel volume. To estimate multi-modal diffusion within a voxel, high angular resolution diffusion imaging techniques have been developed.
A particularly efficient diffusion MRI protocol called QBI was designed to track the crossing of axonal fibres in the central nervous system [72] and has recently been applied to ventricular architecture [73] . QBI uses a standard DT-MRI spin-echo sequence for diffusionweighted imaging, but with multiple (162 for figure 7 ) gradient directions rather than the six required for DT-MRI. Although the acquisition time rises proportionally with the number of diffusion-weighted images, QBI scan times are relatively low when compared with other diffusion techniques that collect data at varying diffusion weighting strengths [74] . The additional angular information gathered in a QBI scan can be used to produce a so-called orientation distribution function (ODF) that reflects the probability of a fibre within the voxel being oriented in a particular direction, as illustrated in figure 7 . Various studies in brain and muscular tissues have validated that, in voxels containing a single fibre population, the direction in which the ODF reaches its maximum value indeed shows good quantitative agreement with the primary DT eigenvector (see [75] for a review). However, approximately 10 per cent of ventricular voxels showed multiple peaks in the ODF; therefore, falling outside the scope of DT-MRI. Figure 7d zooms in on such a region in the posterior left-right ventricular fusion site of a canine heart, where complex fibre organization is observed. Within the DT-MRI formalism, this region is found to exhibit a markedly low FA together with a poor goodness-offit for the diffusion ellipsoid ( figure 7b,c) . In summary, QBI and DT-MRI techniques show good quantitative agreement, but QBI shows intravoxel heterogeneity in an orientation that cannot be resolved with the conventional diffusion tensor formalism, which only gives a single average orientation. The influence of this complex architecture on wave propagation within the heart is yet to be elucidated.
Going beyond the healthy heart: infarction
As well as examining normal cardiac structure, DT-MRI can also be used to identify and segment pathological cardiac tissue-FA, for example, has been used to segment infarcted tissue [76] . Figure 8 illustrates this for an infarct produced by coronary artery ligation in a rabbit. In the infarcted heart (eight weeks after coronary ligation surgery), the subendocardium was well preserved, but the helix angle of the infarct region has greater variability. A greater variability of the fibre angle in infarcted tissue has also been observed for infarcts in pig [77] and mouse [78] hearts. FA images show the infarct not as a single compact mass but composed of islands of tissue with low FA, similar to the organization of an infarct seen histologically [79] and in DT-MRI [74] . The increased disorder in the helix fibre angle is associated with a decreased anisotropy, and both are characteristic of the infarct. Infarcted myocardium has been shown to have decreased diffusion anisotropy [80] and so the low FA could be used to segment infarcted tissue for computational simulation, as in Jie et al. [81] .
3.3. Going beyond the animal heart: models of the human ventricles Figure 9 extracts a slab of the left ventricular free wall from a DT-MRI dataset for a human heart, in order to show the effects on propagation of a complex orthotropic architecture. Note the intricate structure of the endocardial surface, here shaded in grey, and that the helix angle, determined from the DT-MRI primary eigenvector and visualized here on the cut surfaces of the wedge, shows a smooth transmural rotation of approximately 1208. Figure 9c shows the spread of excitation within this orthotropic architecture at 60 ms following epicardial excitation: for this simulation, endocardial, mid-myocardial and epicardial tissue occupied approximately equal fractions of the transmural distance, I ion in equation (1.1) was given by the human ventricular model of Ten Tusscher et al. [82] and the electrical diffusion tensor D was constructed using equation (2.2) to give orthotropic conduction velocities in the ratio 6 : 3 : 1 with 70 cm s 21 in the fibre direction. Note that the architecture of the ventricular wall results in complex wavefront geometries owing to the rotational orthotropy inherent in the tissue. Both transmural and basal -apical changes in orthotropy are evident, as the propagation wavefront is not scalene ellipsoidal, and reaches the basal (top) extent of the geometry before the apical (bottom) extent [68] .
Further examples of the influence of orthotropic cardiac tissue architecture on electrical wave propagation (this time re-entrant waves, which are associated with ventricular tachycardia) are shown in figure 10 , which illustrates two models of the left ventricular free wall: one a simple cuboid with a rule-based architecture, and one a wedge model with geometry and architecture obtained from DT-MRI, as in figure 9 . For the cuboid model, the fibre direction was parallel to the endocardial and epicardial surfaces and rotated 1208 across the ventricular wall at a rate of 68 mm 21 , and the sheet direction was always transmural. The cuboid model dimensions were 60 Â 60 Â 20 mm, roughly similar to the wedge model. Endocardial, mid-myocardial and epicardial tissue occupied approximately equal fractions of the transmural distance in both models, and I ion was given by the model of Ten Tusscher et al. [82] . For each geometry, propagation of excitation was isotropic, anisotropic or orthotropic-corresponding to no architecture, fibre structure only (no sheet structure) and fibre and sheet structure, respectively. Figure 10 shows snapshots at t ¼ 2 s of membrane potential on the surface of the model geometries (in all cases a single re-entrant scroll wave rotating anticlockwise, although the wave in the orthotropic cuboid model is on the verge of break-up) and corresponding filament locations (the organizing centres of the re-entrant scroll waves). There are both qualitative and quantitative differences in the dynamics of the re-entrant scroll waves in the different cardiac geometries and architectures, quantified by measuring the filament meander, length, curvature and twist [69] . For any given geometry (i.e. cuboid or wedge), changing the architecture by introducing anisotropic then orthotropic propagation results in changes to the filament meander pattern, increases in maximum filament length (from 27 to 60 mm in the wedge model), changes to the mean filament curvature (0.8-3.8 mm
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) and mean local filament twist (4.6-5.48 mm
), and increases in the maximum total twist along a single filament . Changes to the geometry also affect scroll wave dynamics, mainly owing to the intricate structure of the endocardial surface in the wedge model. All of these effects can lead to filament instability and breakdown, and a resulting degeneration of the arrhythmia from ventricular tachycardia into fibrillation [3] . Thus, future simulations of re-entry should take into account this complex geometry and orthotropic architecture.
Going beyond the animal heart: clinical imaging
Clinical cardiac magnetic resonance (CMR) imaging provides two-dimensional slices or three-dimensional datasets of the heart in any selected plane, at a typical spatial resolution of 2-3 mm [83] , although higher resolution can be achieved. Gating allows images to be acquired at different times of the cardiac cycle, to produce cine-MRI of the beating heart for the assessment of ventricular volumes and contraction pattern. Strain can be estimated by tracking tagged images. The individual three-dimensional ventricular geometry that can be reconstructed from CMR imaging does not include any information about anisotropic or orthotropy: for patient-specific computational simulation this could be introduced by rule-based methods. Ventricular localized ischaemia or myocardial infarction are common precursors of arrhythmias. Dynamic contrast-enhanced first-pass myocardial perfusion CMR tracks an intravenous injection of a bolus of gadolinium during vasodilator stress induced typically by adenosine. Ischaemic areas of ventricular tissue appear as underperfused and thus relatively dark tissue, as in figure 11a . For computational reconstruction, the poorly perfused tissue can be segmented as in figure 11b , and the ischaemic volume reconstructed: this gives a size, shape and location of the ischaemic tissue, within which the parameters of the cell electrophysiology model can be modified, as in Aslanidi et al. [84] and Benson et al. [85] . Myocardial perfusion CMR data (figure 11c) allow the estimation of local perfusion with a high temporal and spatial resolution. Using, for example, compartmental models for the kinetics of the dynamic myocardial signal, absolute myocardial perfusion can be estimated. Such quantitative, threedimensional mapping of perfusion can be incorporated into computational models of electrophysiology, with reduced flow used as a measure to identify ischaemic tissue.
Persistent ischaemia can lead to myocardial infarction with changes in extracellular space and, in chronic myocardial infarcts, to fibrotic tissue. Both acute and chronic infarction increase the distribution volume of extracellular gadolinium-based contrast agents and can be identified by late gadoliniumenhanced CMR, which gives a high contrast between the normal and scar tissue, and so a sharp and unambiguous spatial localization of the scar that can act as an obstacle to propagation, or to pin re-entrant sources.
CONCLUSIONS
The normal sinus rhythm of the heart, re-entrant arrhythmias and fibrillation can all be described by the propagation of nonlinear waves in an excitable medium. Physiological and pathological patterns can be explained in terms of nonlinear wave propertiesthe dependence of velocity on rate by nonlinear dispersion, and breakdown from spatio-temporal patterned activity into irregularity by interactions between waves and by changes in wave stability. Figure 10 . Snapshots of membrane potential and re-entrant scroll wave filament locations after 2 s of simulation in isotropic (no fibre or sheet structure), anisotropic (with fibre structure but without sheet structure) and orthotropic (with both fibre and sheet structure) cuboid and wedge models. Membrane potential is colour-coded using the standard rainbow palette, from blue (270 mV) to red (30 mV). For both models, the snapshots are from an epicardial aspect, with the scroll wave rotating clockwise. The wedge dimensions are similar to those of the 60 Â 60 Â 20 mm cuboid.
However, this emphasis on nonlinear wave dynamics neglects the overall architecture of the heart and its heterogeneities.
The anatomy of the heart-its size, shape and organization into chambers, and conducting pathwaysprovides the physical structure within which propagation occurs. For a quantitative computational description of propagation phenomena, this anatomy needs to be in the form of a dataset. Datasets have been constructed from DT-MRI for numerous mammalian species, or by histological methods. Anisotropy and orthotropy in conduction velocity and tissue conductivity can be interpreted in terms of fibre and sheet orientations, and can be incorporated as the diffusion tensor of a reaction -diffusion model, where the orientation of the component vectors has been obtained from DT-MRI or histologically. The scaling of the diffusion tensor of the reaction -diffusion model needs to be chosen to give the appropriate conduction velocities; these can be obtained by in vivo or in vitro optical mapping experiments.
Different parts of the myocardium have different electrophysiological properties-action potential shape, rate dependence and propagation velocity. These differences are produced by heterogeneities in expressed membrane proteins-differential expression of membrane channels, exchangers and pumps and proteins involved in intracellular calcium dynamics and excitation -contraction influence cell action potential properties and propagation, and differential expression of connexins alters cell-to-cell coupling and propagation velocities. Molecular mapping, by immunocytochemistry and quantitative PCR, can provide semiquantitative indices of these spatial distributions, but the spatial distribution of excitation properties needs to be calibrated and validated by spatial mapping of electrophysiology, say by optical methods. The heart muscle is not just composed of myocytes; there are also fibroblasts, connective tissue and intruding blood vessels, and, perhaps, scar tissue resulting from earlier damage. All these can contribute to non-excitable granularities, with length scales from 100 mm to centimetres, which can act as obstacles to propagation. These obstacles can interfere with propagation, by producing a site either for wave breaking or for pinning the free ends of re-entrant waves. High-resolution MRI can provide information about the location and distribution of these granular heterogeneities, and so they can be incorporated into computational models.
By combining all these structural (or parametric) heterogeneities into computational models of excitation, propagation can be explored and the resultant functional heterogeneities that are produced by slow recovery processes can emerge. Although the types of possible wave behaviours follow from the physics of excitable media, the details of the initiation and subsequent evolution of patterns of excitation in cardiac muscle depend on the details of geometry, anisotropic and orthotropic architecture and heterogeneities. 
